In contrast to conventional analog screen-film mammography new flat detectors have a high dynamic range and a linear characteristic curve. Hence, the radiographic technique can be optimized independently of the receptor exposure. It can be exclusively focused on the improvement of the image quality and the reduction of the patient dose. In this paper we measure the image quality by a physical quantity, the signal difference-to-noise ratio ͑SDNR͒, and the patient risk by the average glandular dose ͑AGD͒. Using these quantities, we compare the following different setups through simulations and phantom studies regarding the detection of microcalcifications and tumors for different breast thicknesses and breast compositions: Monochromatic radiation, three different anode/filter combinations: Molybdenum/molybdenum ͑Mo/ Mo͒, molybdenum/rhodium ͑Mo/ Rh͒, and tungsten/rhodium ͑W/Rh͒, different filter thicknesses, use of anti-scatter grids, and different tube voltages. For a digital mammography system based on an amorphous selenium detector it turned out that, first, the W / Rh combination is the best choice for all detection tasks studied. Second, monochromatic radiation can further reduce the AGD by a factor of up to 2.3, maintaining the image quality in comparison with a real polychromatic spectrum of an x-ray tube. And, third, the use of an anti-scatter grid is only advantageous for breast thicknesses larger than approximately 5 cm.
I. INTRODUCTION
Several commercial full-field digital mammography systems are available today. The main difference to their analog screen-film counterparts is the digital image receptor. In most cases, at least in the case of the nonscanning systems, the x-ray tube is the same as in the corresponding screen-film systems. However, digital detectors usually have different absorption characteristics than the converter screen in an analog system. In digital systems, image acquisition can be optimized separately from the image display. Thus, a possibly suboptimal image contrast could be compensated for by image processing algorithms. This offers the opportunity of designing a system where the issues of image quality and applied dose can be treated independently. Therefore, it may be questioned whether the anode/filter combination molybdenum/molybdenum ͑Mo/ Mo͒, which is considered the optimal choice for screen-film mammography, is also best suited for digital mammography.
For analog screen-film mammography systems the question of the x-ray spectrum was addressed by Thilander-Klang et al. 1 in a clinical study. Compared to the anode-filter combination of molybdenum/molybdenum ͑Mo/ Mo͒, a molybdenum/rhodium ͑Mo/ Rh͒, and a tungsten/rhodium ͑W/Rh͒ spectrum helped to reduce the absorbed dose considerably-up to 50%-for large compressed breast thickness. These findings were confirmed by the MonteCarlo studies of Dance et al. 2 investigating analog and CR systems with image receptors based on gadolinium oxysulfide screens. That publication also included rhodium/ rhodium ͑Rh/ Rh͒ spectra, which led to findings similar to those when using the W / Rh beam quality.
For digital mammography with flat detectors, Berns, Hendrick, and Cutter 3 conducted a contrast-detail study using an indirect detection technology with CsI as a converter, reporting on the optimization of technique factors and providing a comparison with screen-film mammography. It was found that the larger the breast thickness the greater the advantages of spectra other than that of Mo/ Mo. Also Huda et al. 4 investigated dose and image quality for a CsI-based digital detector, but considered Mo/ Mo beam quality only.
A complete mammography imaging system was modeled by Fahrig and Yaffe. 5, 6 With their simulation tool they demonstrated that, in the case of a digital detector based on a Gd 2 O 2 S scintillator, a tungsten target has advantages for the detection of infiltrating ductal carcinoma and calcifications over a molybdenum target. Using this model, Fahrig et al. 7 addressed the optimization of x-ray spectra for a digital mammography detector based on selenium for the first time. An important result was that the optimal spectral conditions for selenium are similar to those of Gd 2 O 2 S including the possible use of a Mo spectrum.
Flynn et al. 8 investigated the issue of an optimized radiographic technique for a detector based on amorphous selenium taking into account Mo and W anodes and several filter materials. Using a simulation technique, they found a tungsten anode with a tin filter optimal for imaging small calcifications.
In this paper, we report on simulations taking into account the complete imaging chain of an amorphous selenium fullfield digital mammography ͑FFDM͒ system. We focus on those anode/filter combinations that are available in the Siemens Novation DR FFDM system, i.e., Mo/ Mo, Mo/ Rh, and W / Rh, and that have been used in a small phantom study for comparison. A comprehensive phantom study carried out with this system will be published elsewhere. 9, 10 For reference and comparison we also give the results obtained for monochromatic radiation.
II. METHODS

A. Image quality measure
To measure the detectability of an object such as a calcification or a tumor in an x-ray image, the signal differenceto-noise ratio ͑SDNR͒ is used. 8, 11 It is here defined as the ratio between the mean signal difference of the object of interest S O and the background S B , and the standard deviation of the noise B in the background ͑Fig. 1͒
The noise is averaged over an area, which has the same size as the object of interest. This definition has the advantage of being independent of linear image processing routines, such as the changing of the contrast window and level settings. In this work the x-ray spectrum is optimized and the benefit of an anti-scatter grid is analyzed. Since both have a rather limited influence on the resolution of the x-ray image, there is no need to analyze the signal difference-to-noise ratio in the frequency space. 12, 13 Since image quality can be improved by applying a higher dose as long as the image noise is dominated by quantum noise, image quality has to be set in relation to the patient dose, i.e., in mammography, to the average glandular dose ͑AGD͒. As a measure for the AGD, in the simulations we use the total absorbed dose in the phantom. Therefore, we define a figure of merit Q
This is the quality factor we use to find the optimal radiographic technique for the system under investigation.
B. Simulations
Geometrical model
The geometrical model for the simulations is given in Fig.  2 . The almost point-like focal spot emits radiation isotropic into the direction of the detector. The background material, representing the breast, is modeled as a cube with a defined thickness. The object itself is represented by a cylinder with a certain radius, which is placed directly at the center of the cube. An optionally employed linear anti-scatter grid is simulated by alternating strips of high and low absorbing material, which are aligned to the focal spot. The motion of the grid vertically to the x-ray beam is considered by randomly positioning every simulated quantum in the range of the size of a one-dimensional ͑1D͒ unit cell ͑sum of the width of one low and one high absorbing strip͒. The detector itself is described by the highly absorbing cube with an active surface of defined density. The entire arrangement is put into an air ambient. 
Input parameters
The input parameters for the simulations are closely related to the Siemens full-field digital mammography system Novation DR , based on a direct converting amorphous selenium detector.
General geometry:
• source-to-image distance ͑SID͒: 650 mm;
• air gap between background cube and detector: 15 mm.
Source:
• molybdenum anode, tungsten anode;
• quantum flux: See Table I These parameters are typical for mammographic flat detectors based on amorphous selenium. Other detector layers and structures are considered to have little influence on the detection process. It can be assumed that these simulations are of general validity for such systems.
Calculation of image quality measure
Simulating real images by ray tracing using a Monte Carlo method would be very demanding, even with the power of today's computers. Therefore, the determination of the SDNR value is divided into two parts: A deterministic and a stochastic simulation. The deterministic simulation calculates, for every detector pixel the signal intensity for the primary radiation for a given spectrum and geometrical setup, neglecting the effects of different interaction processes of the quanta and the subsequent scattered radiation. This calculation can be done for both monochromatic and polychromatic spectra. The spectra are taken from Boone et al. 17, 18 With the help of the generated images the primary signal intensity of the object S OP and the background S BP can be determined ͑Fig. 1͒.
The stochastic simulation, in contrast, is based on Monte Carlo techniques. Here, the complete history of randomly chosen x-ray quanta is tracked, including all photon scatter processes ͑photon absorption, coherent scattering, Compton scattering, K-fluorescence͒. For the stochastic simulations the contrast object is omitted, since only the properties of the background are investigated. In the following, the subscripts B , O , P , S refer to the "background region", the "object region", the "primary quanta", and the "secondary quanta", respectively. If P or S is omitted, the "sum of primary and secondary quanta" is addressed. If a sufficiently large number of quanta is simulated, the average glandular dose AGD, the number of detected primary and secondary quanta per pixel N BP and N BS , and the signal intensity S BS of the scatter radiation in the background ͑Fig. 1͒ can be extrapolated with the help of the correspondent quantum flux ͑see Table I͒ of the source. The resulting scatter to primary ratios have been published elsewhere. 19 Both simulations are done with Siemens' internal software package "DRASIM" and "MOCASSIM," written by Stierstorfer et al. 20 The noise variance B 2 in the background can then be calculated by
assuming that Poisson statistics can be applied and neglecting the effect of the additional noise of the energy distribution of the quanta.
Since the scatter radiation, in the case of a sufficiently small object, is distributed virtually homogeneously across the whole image, the SDNR is given by
͑4͒
The calculation of the SDNR value can now be carried out for a large parameter space, e.g., different tube voltages, anode materials, or filter thicknesses to determine the optimal configuration for a given detection task.
To estimate the stochastic errors of the results of the simulations, the stochastic calculations were repeated five times, starting with different seed values for the random number generator. In all cases, standard deviation of the results was not larger than 2%, hence error bars in the plots are omitted.
C. Phantom measurements
Accompanying the simulations, we carried out phantom measurements. The objective was twofold. One goal is to find the optimal exposure settings, i.e., radiographic technique, as a function of tube voltage in the range between 23 and 35 kV using the full-field digital mammography unit Siemens Mammomat Novation DR . It is not a priori clear that the exposure tables applied in an analog screen-film system represent the appropriate technique for a digital system. Another purpose of the phantom measurements was the verification of the simulation results for the parameter subspace that is accessible by the system.
The signal difference-to-noise ratio and an estimate for the average glandular dose were used to determine the quality factor as outlined in Sec. II A.
Breast equivalent phantoms with 50% adipose, 50% glandular tissue of various thicknesses from 2 to 8 cm with a 0.1 mm thick aluminum sheet on top were used to determine the SDNR. The aluminum sheet was assumed to mimic a microcalcification since their attenuation coefficients are rather similar. 21 The diameter of the sheet was large in comparison to typical microcalcifications. This is necessary to be able to determine the signal and noise with sufficient precision. On the other hand, resolution is not considered in this work. Hence, the results do not depend on the size of the observed objects.
For all exposures, the entrance surface air kerma was measured with a Solidose model 400 dosimeter ͑RTI Electronics AB, Sweden͒ in the entrance plane of the phantom. The mean glandular dose ͑AGD͒ was calculated from the measured exposure according to Dance et al. ͑1990͒.
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The SDNR was calculated using the raw images ͑pro-cessed only with the usual gain, offset, and defective pixel correction, but not postprocessed͒ according to Eq. ͑1͒ with S O denoting the digital signal ͑pixel value͒ underneath the aluminum sheet as the object and S B being the digital signal value of the background ͑breast equivalent tissue͒. The standard deviation was calculated from the background signal in a region-of-interest of the same size ͑128ϫ 128͒ used for calculating the signals S O and S B . From the SDNR and the AGD the figure of merit according to Eq. ͑2͒ was calculated.
To give an estimate of the measurement uncertainty, we carried out an error propagation calculation using the following assumptions. According to the quality control manual for the device ͑Siemens Novation DR , Siemens Medical Solutions, Erlangen͒ the uncertainty ͑coefficient of variation͒ of the pixel values shall be smaller than 5%. The uncertainty of the dose measurement is specified to be 5% ͑RTI Electronics AB, Sweden͒. Thus the error propagation for the figure of merit ͓Eq. ͑2͔͒ leads to an estimated uncertainty of 15%.
III. RESULTS
A. Simulation
Monochromatic spectra
To understand the characteristics required of a spectrum suitable for a given detection problem ͑object, breast thickness, breast composition͒ the first simulation runs were conducted with a monochromatic spectrum in the range between 16 and 42 keV. Here filtering could be neglected as well as restriction of the source. The anti-scatter grid was included. The usability of a certain quantum energy was measured by the quality factor Q ͓Eq. ͑2͔͒. It was not necessary to make an assumption about the quantum flux for a monochromatic source, since both the ͑SNDR͒ 2 and the AGD are linearly dependent on the quantum flux, hence the value is canceled. Figures 3 and 4 show the quality factor for the detection of calcifications and tumors, respectively, as function of different quantum energies and breast thicknesses. Here, the breast phantom is assumed to consist of 50% adipose and 50% glandular tissue. It is important to note, that Q is always given in arbitrary units, the simulations do not claim to make any predictions about absolute visibility, since system blurring, resolution, and influences of the human visual system are not considered. In general, the Q values become smaller when the breast thickness increases. In the case of a calcification, the optimum is located at 18.9 keV at a breast thickness of 2 cm. It rises to 24.7 keV for a 8 cm thick breast. In contrast, the optimum energy for tumor tissue rises from 18.3 keV for a 2 cm thick breast to 28.5 keV for a 8 cm thick breast.
In Figs. 5 and 6 the influence of different composition of breast material is investigated for a 5 cm thick breast for the detection of calcifications and tumors. It can be seen, that the adipose-rich breast increases the quality factor Q, i.e., the objects are easier to detect at the same dose load for the patient. On the other hand, the optimal quantum energy is slightly lowered. In Fig. 7 the optimum energies for the detection of calcifications and tumors as function of the breast thickness are summarized.
Realistic polychromatic spectra
Realistic polychromatic spectra of three frequently used anode/filter combinations were investigated in the simulations:
• Anode: Molybdenum, filter: Molybdenum, thickness 30 m; • Anode: Molybdenum, filter: Rhodium, thickness 25 m; • Anode: Tungsten, filter: Rhodium, thickness 50 m In Figs. 8͑a͒, 9͑a͒, 10͑a͒ , and 11͑a͒ we show the simulation results for the figure of merit Q for microcalcifications in a 50% fatty/50% glandular background as a function of tube voltage for breast thicknesses of 2, 4, 6, and 8 cm for each of these spectra with fixed filter thickness available today in the FFDM system under investigation. It can be seen that, in qualitative agreement with the results of the monochromatic simulations, there is an optimum voltage where the quality factor Q reaches its maximum. But the curves are
rather flat, indicating a relative tolerance against the nonoptimal voltage setting. The most pronounced result, however, is that the curves for W / Rh are always higher than the curves for Mo/ Rh, which in turn are higher than those for the Mo/ Mo spectrum.
The results for the quality factor of the phantom measurements are plotted in Figs. 8͑b͒, 9͑b͒, 10͑b͒ , and 11͑b͒ as function of tube voltage. In a similar manner as the figures for the simulation results ͓Figs. 8͑a͒, 9͑a͒, 10͑a͒, and 11͑a͔͒, the corresponding graphs are shown for each phantom thickness. As the simulations and measurement data cannot be compared quantitatively, the vertical axes of the measurement results have been scaled by an arbitrary factor. The maximum of the figure of merit curves give the optimal kV value settings for each anode/filter combination. A polynomial curve of order 2 has been fitted to each set of measurement data.
If a real x-ray system is designed, optimization of the quality factor Q is not sufficient. A spectrum with a high quality factor tends to have a limited radiation output, particularly if the thickness of the pre-filter is not a fixed parameter. In addition, we choose 1 s as the maximum exposure time for the subsequent simulations. This is driven by the goal to minimize motion blurring. Motion blurring reduces the effective spatial resolution and thus the image quality. 12 Moreover, in first clinical data exposure times below 1 s have proven to be sufficient in most cases. 24 Hence, the x-ray system is now optimized with respect to the following combined criteria:
• Thin breast: Here it is easy to achieve a very good image quality. Therefore, the SDNR value is fixed to a value which is sufficient for diagnosis, and the average glandular dose should be as low as possible. This case is the "iso-quality" scenario. • Thick breast: Here the average glandular dose should not exceed a certain value. Hence, optimization tries to get the best image quality for the given maximum average glandular dose. This situation is referred to as the "iso-dose" scenario.
In the following simulations, the maximum SDNR value is set to 2.5 and 1.6 for calcifications and tumors, respectively, and the maximum average glandular dose is 1.5 mGy. This value seems to be rather low compared to that used for screen-film systems. However, the generally improved DQE values of the new digital flat panel detectors may be exploited for dose reduction. Furthermore, this low dose level seems to be adequate as demonstrated by first clinical data. 24 As already stated above, the SDNR values of the simulations do not permit conclusions to be drawn on the absolute detectabiltity of a certain object. They can only be used to compare different setups. Even a comparison between the visibility of the small calcifications and relatively large tumors on the basis of the Q value defined here is neither possible nor meaningful. The maximum SDNR values are chosen in a way that enables this image quality to be reached for breast thicknesses at approximately 5 cm with the maximum average glandular dose of a low mammography exposure level. The results of the optimization do not claim to be perfectly suited for clinical application.
The exposure parameters have now been optimized for the detection of calcifications and tumors in the parameter space given by breast thickness, with or without grid and fixed or variable filter thicknesses ͑Figs. 12-17͒. The fixed filter thicknesses focused on commonly used values, as mentioned above. The breast model consisted of a mixture of 50% adipose and 50% glandular tissue. The results for the optimized exposure parameters, i.e., tube voltage, mAs, and filter thickness, are shown in Table II .
Basically the optimized values follow the results of the monochromatic optimization; the optimum tube voltage rises faster for the detection of tumors than for calcifications. The exposure settings with a variable filter thickness tend to exploit the maximum tube power together with maximum possible filtration. Exposure settings without the anti-scatter grid tend to benefit from lower tube voltages compared to systems with anti-scatter grids. In a number of cases, particularly for Mo/ Mo, a large change in the tube voltage between different breast thicknesses can be observed. This is the consequence of the rather short exposure time constraint.
First, we investigated the influence of different anode and filter materials on the detection of calcifications and tumors, respectively ͑Figs. 12 and 13͒. An anti-scatter grid was used and the filter thickness was fixed. It was found that the tungsten anode together with the 50 m rhodium filter delivered the best results for all breast thicknesses and objects. With W / Rh the quality factor could be raised by a factor of up to 1.8 in comparison to the Mo/ Mo combination.
Figures 14 and 15 demonstrate the influence of the monochromatization of the spectrum. Here a tungsten anode with a 50 m rhodium filter and a tungsten anode with variable rhodium filter are compared with an optimized monochromatic spectrum with unlimited power with the quantum energies shown in Fig. 7 . A variable filter thickness can increase the Q value up to 16%, whereas a perfect monochromatic spectrum without any pre-filtration can increase Q by a factor of up to of 2.3, particularly for thick breasts.
Finally, Figs. 16 anti-scatter grid in digital mammography. Here the results for the SDNR and the mean breast dose are given with and without the grid. It appears that the grid is not advantageous for breast thicknesses up to approximately 4 cm both for the detection of calcification and tumors. Omitting the grid increases the quality factor up to 16% for thin breasts. For thick breasts the use of the anti-scatter grid raises Q up to 26%.
IV. DISCUSSION
A. Monochromatic spectra
For larger breast thicknesses the quantum energy should be raised ͑Figs. 3 and 4͒. This is due to the fact that higher energy quanta have a lower absorption cross section, and therefore have a greater chance of reaching the detector. Of great interest is the fact that the detection of tumors requires a higher energy than the detection of calcifications ͑Fig. 7͒. This finding is explained in Fig. 18 . Here, the mean free path resulting from the simulation is given as a function of quantum energy. It can be seen that the mean free path for calcifications exhibits a greater reduction at lower energy levels compared to the mean free path for tumors. Therefore, the detection of calcifications profits much more from low energy quanta than the detection of tumors.
The better detectability of objects in the case of adipose breasts ͑Figs. 4 and 6͒ can be explained by the lower mass density and the increased ratio of carbon to oxygen atoms. Both increase the transmission of the quanta, which facilitates the use of low energy quanta.
B. Realistic polychromatic spectra
The simulations for the monochromatic spectra show that there is one optimum quantum energy for a given detection task. The spectrum of an x-ray tube with given anode and filter material can be influenced by two parameters, the tube voltage and the thickness of the filter. The tube voltage is responsible for the maximum energy of the spectrum, whereas the filter mainly controls the low energy side of the spectrum. Therefore, optimization with real spectra leads to a tube voltage above and close to the optimum quantum energy and to a thick filter, which narrows the spectrum. A limited tube power can be compensated for by increasing the tube voltage and/or decreasing the filter thickness. Both methods broaden the spectrum and result in a reduced quality factor.
The phantom measurement results ͓Figs. 8͑b͒, 9͑b͒, 10͑b͒, and 11͑b͔͒ agree rather well with the simulated figure of merit curves ͓Figs. 8͑a͒, 9͑a͒, 10͑a͒, and 11͑a͔͒ and represent a reasonable confirmation of the theoretical model.
The anti-scatter grid reduces the scatter radiation, but also the primary radiation, thus leading to a reduction in the level FIG. 12 . SDNR values and mean breast doses for the detection of calcifications for different breast thicknesses and anode/filter combinations. The filter thicknesses are fixed. The optimal exposure parameters are given in Table II. FIG. 13 . SDNR values and mean breast doses for the detection of tumors for different breast thicknesses and anode/filter combinations. The filter thicknesses are fixed. The optimal exposure parameters are given in Table II. of the detected signal. To compensate for this the tube has to deliver a higher photon flux with a slightly increased tube voltage.
The filter materials molybdenum and rhodium with their K absorption edges at 20.0 and 23.2 keV, respectively, are inadequate for the detection of tumors in thick breasts, which requires energies around 28.5 keV. Hence, optimization results in a high tube voltage in order to make the spectrum as hard as possible, however at the price of a considerable broadening of the spectrum.
The advantage of a W / Rh combination for all detection tasks seems to be in contradiction to the experience in conventional analog mammography. 18 If the detector dose is fixed, as in the case of a screen-film system, image quality is improved whenever the quantum energy is lowered, because these quanta deliver a better contrast. Thus, a molybdenum anode with its characteristic peaks at 17.5 and 19.6 keV is most suitable.
However, the digital detectors have a high dynamic range. As in digital mammography, image quality has to be characterized by SDNR and not by relative contrast the detector dose can be varied. This allows contrast loss to be compensated for by reduced noise. Therefore, the spectrum can be designed around quantum energies with an optimum quality factor. This is why the more flexible and powerful tungsten anode delivers better results in digital mammography. 5, 6, 8, 24 The finding that a W spectrum, with its higher mean energy, outperforms a Mo spectrum may also be assigned to the fact that higher energy quanta are absorbed more effectively by the selenium layer compared to the thin screen used in film imaging.
Monochromatization by filtering is already extensively used in analog mammography. For example a typical molybdenum filter of 30 m decreases the number of quanta by 75% for a molybdenum anode with 28 kV. Hence, a further increase of the filter thickness results in small improvements in the monochromatization, however, it increases the scatter radiation, produced by the filter, which is included in this simulation. Furthermore, for thick breasts the tube power is not sufficient for increased filter thickness. Therefore, the advantage of using a variable filter thickness is limited. However, an x-ray source, which produces a monochromatic spectrum on its own, however, would have a considerable impact on the quality factor, particularly for thick breasts. 25 Finally, we come to the discussion of the influence of the anti-scatter grid. Again, the result obtained seems to be in disagreement with the experience from analog mammography. An image with a fixed detector dose is improved if scatter radiation is replaced by primary radiation. An in-FIG. 14. SDNR values and mean breast doses for the detection of calcifications for different breast thicknesses. A W / Rh system with fixed filter thicknesses, with variable filter thicknesses and a monochromatic spectrum is used. The optimal exposure parameters are given in Table II. FIG. 15 . SDNR values and mean breast doses for the detection of tumors for different breast thicknesses. A W / Rh system with fixed filter thicknesses, with variable filter thicknesses and a monochromatic spectrum is used. The optimal exposure parameters are given in Table II. creased dynamic detector range, however, can compensate for an increased amount of scatter radiation by higher detector doses. Radiation with a mammographic spectrum has a very low material penetration. Hence, any kind of additional material in the radiation path, even air, markedly weakens the intensity. Therefore, the grid was modeled in detail, taking into consideration the lamellae and the cover. Under these circumstances it is clear that an anti-scatter grid in digital mammography is only of advantage for breast thicknesses above approximately 5 cm, where the quantity of scatter radiation is high and the spectrum is hard enough to penetrate the anti-scatter grid with ease. 19, [26] [27] [28] This paper only deals with simulations and phantom experiments. Our findings have their limitations and cannot be applied quantitatively to clinical images. In clinical images it is not only quantum noise which influences image quality and which is taken into account by our study, but also structural or anatomic noise. This is particularly important for mammography, where tissue overlap may mask structures important for diagnosis. Furthermore, electronic noise is not considered in our study. Physical characterization of the detector has demonstrated 29 that it is quantum noise limited in the range of exposures used for mammography. Above all, a strong electronic noise component would force the system to apply higher detector doses and, hence, higher tube voltages, which would further increase the advantages of a W / Rh system for a digital flat-panel detector.
It can be expected that in clinical images the trend will be very similar to those we have uncovered in these simulation and phantom studies. Nevertheless, future work will have to address the issue of the optimization of radiographic technique for clinical images.
V. CONCLUSION
In this work we optimized the x-ray spectrum for fullfield digital mammography to improve the image quality and reduce the patient dose load. We were able to clearly demonstrate that, for every detection task ͑calcification or tumors, thickness of breast, different breast composition͒, there is a unique quantum energy which delivers the highest signal difference-to-noise ratio ͑SDNR͒ at a given average glandular dose ͑AGD͒. Hence, a monochromatic, continuously adjustable x-ray source would be the optimal choice. The best approximation to the ideal monochromatic spectrum can be achieved using a tungsten/rhodium anode/filter combination. The efficiency can be further improved by adjusting the thickness of the pre-filter to the given detection task. For breast thicknesses up to 5 cm, an anti-scatter grid should be omitted as the scatter radiation is low and the penalties in terms of the loss of primary radiation through absorption are high.
Our findings would seem to be at odds with the parameters traditionally employed in analog screen-film mammography setups. However, a film requires a predetermined radiation exposure, which severely limits the optimization in parameter space, whereas a digital detector, in contrast, can work with exposure conditions which cannot be handled by an analog screen-film system. FIG. 17 . SDNR values and mean breast doses for the detection of tumors for different breast thicknesses. A system with and without an anti-scatter grid is used. The optimal exposure parameters are given in Table II. FIG. 16 . SDNR values and mean breast doses for the detection of calcifications for different breast thicknesses. A system with and without an antiscatter grid is used. The optimal exposure parameters are given in Table II. TABLE II The impact of these findings on clinical images still remains to be studied in the future. In addition, new anode/ filter combinations for digital mammography may be considered for a further improvement of image quality and a reduction of the patient dose load. 
